Introduction
Engineering aspects of stent design involve geometry optimisation, material selection and coating technology (Sangiorgi et al., 2007) . According to Hanawa (2009) , stainless steel is the most commonly used material for stents, while alternatives include shape-memory alloy nitinol, tantalum, cobalt-chromium (Co-Cr) alloys, magnesium (Mg) alloys and biodegradable polymers. For geometry, early designs were generally classified as either slotted tube geometries, such as the Palmaz-Schatz stents, or coil geometries, such as the Gianturco-Roubin Flex stent. Slotted-tube type designs had excellent radial strength but they lacked flexibility; while the opposite occurred for coil designs. The subsequent evolution of stent design yielded the development of a rich variety of stent geometries, which can be classified into five main categories: coil, helical spiral, woven and rings (Sangiorgi et al., 2007) . The majority of commercially available stents can be generally divided into two groups, i.e., closed cell and open cell design, with different types of connection such as peak to peak or valley to valley. Besides the scaffold structure, modern stents tend to have drug eluting coatings which are particularly used to treat instent restenosis, i.e., re-narrowing of blood vessels after stent implantation (Khan et al., 2012) .
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Finite element method has been widely employed to assess the biomechanical behaviour of stents by modelling their free expansion as well as deployment in diseased arteries. Migliavacca et al. (2005) modelled the free expansion of a coronary stent named Cordis BX Velocity, and the central radial elastic recoil, obtained from experiments and simulations, was close to each other at a certain level of expansion or inflating pressure.
A study of a Genesis stent made of stainless steel, aiming to determine the diameter change as a function of inflating pressure during free expansion, was conducted by Walke et al. (2005) using computational methods. The results showed that the process of stent enlargement is not proportional to the pressure inside the balloon. A sudden increase of the stent diameter was observed after exceeding a critical value of the balloon pressure, which is in good agreement with the experimental data. For stent deployment, Chua et al. (2004) simulated the expansion of a Palmaz-Schatz stent inside an artery with stenotic plaque. The results demonstrated the capability of slotted-tube stents in resisting the recoil of blood vessel and preventing restenosis after expansion. Lally et al. (2005) carried out a comparative study of two stents (i.e. S7 and NIR stents) by simulating their deployment inside a stenotic artery. Their results showed that the S7 stent caused lower stress on the blood vessel wall compared to the NIR, which was consistent with clinical observations that the NIR stent has a higher restenosis rate than S7. So far, majority computational studies are limited to a specific stent and a specific material, a detailed comparative study across all generations of stents is lacking, especially the effects of key stent design features and material choices on their biomechanical behaviour.
Although drug eluting stents have been dominantly used in the current clinical treatment of stenosis, very limited research has actually been carried out to study the mechanical behaviour of drug eluting coatings (existing work mainly focused on drug release), particularly how they influence the process of stent deployment. In our literature survey, 4 we came across only two papers which investigated the coating effect. For instance, Gu et al. (2005) modelled the influence of silicone coating during the deployment of a microstent in an artery with long fusiform aneurysm. It was shown that the coated stent needed an appreciatively 30% higher pressure to expand the artery to same extent as its bare metal version, where the coating and the strut had the same thickness (0.1mm).
While Hopkins et al. (2010) investigated the two-dimensional delamination of the stent coating during deployment, which occurred mainly in the region of hinge with high plastic deformation. The initiation of coating debonding depended on the coating thickness, the coating material and the curvature of the hinge.
Recently, a number of medical case reports showed that stent implants may lead to restenosis (Okamura et al., 2008) , myocardial infarction , thrombosis (Choe et al., 2009 ) and unstable angina (Adlakhna et al., 2009) . It was also frequently reported that stent failure might happen at any time, which can cause thrombosis, restenosis, pain and other clinical complications in patients (Kim et al., 2009; Umeda et al., 2009; Celik et al., 2009) . If diagnosed with stent failure, patients will need to undergo further surgery to remove the failed stent and implant a new one to solve the problem.
To reduce the risk of complications associated with stenting, it is important to implant the most suitable stent for the patient, for which it is necessary to have a thorough understanding of the biomechanical behaviour of stents with different designs, materials and coatings. In addition, stent deployment can be affected by the plaque composition, such as calcified and hypocellular plaques, due to their very different mechanical behaviour (Loree et al., 1994) . A study of such effect will help cardiologists to choose the most suitable stent type to control the plaque rupture during and after stenting. This is the motivation behind this research paper.
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In this paper, finite element analyses have been carried out to simulate the deployment of Xience stent (Abbott Laboratories, USA), one of the latest commercial stents, inside a stenotic artery. The essential performances (e.g. expansion, dogboning and recoiling) of the stent were evaluated first, especially the effects of material choice and stent coating.
Effect of stent designs on the behaviour is studied through comparison with three other typical stents, Palmaz-Schatz (Palmaz Scientific, USA), Cypher (Cordis Corporation, USA) and Endeavor (Medtronic, USA), representing the stents of three generations.
Furthermore, this paper also investigated the stresses on the artery/plaque system, which has a close connection with in-stent restenosis, and the effect of plaque composition on stent deployment.
Finite Element Simulation

Geometrical models
Models of Xience stent, as well as Palmaz-Schatz, Cypher and Endeavor stents, were produced using Simulia Abaqus CAE (Abaqus, 2013) according to the geometries reported in open resources. The length of all stents was chosen to be 10mm and the diameter at the crimpled state was fixed at 1.5mm. The strut thickness is 120m, 140m, 80m and 90m for Palmaz-Schatz, Cypher, Xience and Endeavor, respectively. Xience stent was chosen to investigate the effects of three typical materials, i.e., stainless steel, cobalt-chromium alloy and magnesium alloy, on stent expansion inside a diseased artery.
To study the coating effect, a thin layer of polymer (8m) was applied to Xience stent and assumed to be perfectly bonded to the stent platform. All stents are balloon expandable. The balloon was modelled as a cylinder with a diameter that matched the inner diameter of the stent. The balloon is 2mm longer than the stent (i.e. one millimetre longer at each end). The blood vessel was modelled as a cylinder with axisymmetric stenotic plaque. The artery has a length of 20mm and a wall thickness of 1mm, while the 6 plaque has a length of 10mm and a maximum thickness of 0.75mm (middle section). The inner diameter for the healthy artery and the stenotic plaque (middle section) is 4mm and 2.5mm respectively. The artery was considered to consist of three tissue layers, i.e., intima, media and adventitia, with a thickness of 0.27mm, 0.35mm and 0.38mm, respectively. The interfaces between different vessel layers were assumed to be coherent, and treated as perfectly bonded, which is also the case for the interface between the artery wall and the stenotic plaque.
Finite Element Mesh
Using Abaqus CAE (Abaqus, 2013), stents were meshed into first order incompatible brick elements (C3D8I), with four layers of elements through the thickness of the stent strut and two layers of elements through the width of the stent strut. The mesh consists of 50,000~100,000 elements, depending on the type of stent. The incompatible brick elements (with full integration) were particularly used to accommodate large bending deformation of the stent strut. This is also strongly recommended by Abaqus for stent deformation simulation (Abaqus, 2013) . The balloon was meshed using hexahedral elements with reduced integration (C3D8R), and the number of elements was ~10,000 for all simulations. The artery wall was also meshed using hexahedral elements (C3D8R, reduced integration), with two layers of elements through the thickness of each vessel layer. The plaque was meshed using hexahedral elements (C3D8R, reduced integration), with four layers of elements through the thickness. The artery and plaque system has about 20,000 elements in total. The generated mesh is shown in Figure 1 for a Xience stent and the stenotic artery (with balloon). Mesh sensitivity study has also been carried out, and confirmed the convergence of the results, in terms of stent diameter change, recoiling effect and residual stresses, for the mesh used in the present paper. 
Materials and Constitutive Models
316L stainless steel is the material used to manufacture the Palmaz-Schatz and Cypher stents, while Co-Cr alloys are used for Xience (type L605) and Endeavor (type F562) stents. In addition, Magnesium alloy AZ31 was also considered to study the effect of materials on stent deployment. The three materials were all modelled using the elasticplastic stress-strain relationship with nonlinear hardening behaviour as given in Figure 2a ( Poncin et al., 2003; Wu et al., 2010) . The stress-strain curves in Figure 2a are the tensile test data for stent materials, which were implemented in Abaqus by considering the increase of yield stress as a function of plastic strain (Abaqus, 2013) . The stent coating was made of Phosphorylcholine (PC) polymer with bilinear behaviour and the parameter values are given in Table 1 (Hopkins et al., 2010) .
The balloon was modelled using a Mooney-Rivlin hyperelastic strain energy potential W (Mooney, 1940; Rivlin 1948 
where  i (i=1, 2, 3) are the stretches in the three principal directions, J is the volumetric stretch, C 10 (MPa), C 01 (MPa) and D 1 are model coefficients. Physically, C 10 is associated with the stiffness of the material in the stretch mode, C 01 refers to the stiffness in the shear mode and D represents the compressibility of the material. Table 2 lists the values of the corresponding parameters (Chua, 2002; Chua et al., 2004) , where D 1 = 0 means that the material was considered incompressible.
Both the blood vessel and stenotic plaque were described by Ogden hyperelastic strain energy potential (Zahedmanesh and Lally, 2009; Zahedmanesh et al., 2010) :
where  i (MPa),  i and D i are model parameters. The values of the coefficients in Eq (2) are given in Table 3 (Zahedmanesh and Lally, 2009 ). Physically,  I and  i describe the shear behaviour of the material and D i represents the compressibility (Ali et al., 2010) .
The model parameters were fitted by Zahedmanesh and Lally (2009) Mooney-Rivlin model has also been widely used to describe the constitutive behaviour of blood vessel. The difference between Mooney-Rivlin and Ogden models is just the type of formulation for strain energy potential (Prendergast et al., 2003; Gastaldi et al., 2010;  Zahedmanesh and Lally, 2009; Karimi et al., 2014) . We have compared the simulations using the Ogden model and the Mooney-Rivlin model, and the two models gave very similar results of stent expansion behaviour. The reason that we chose the Ogden model is the availability of full model parameters for all three vessel layers (Zahedmanesh and Lally, 2009) , and also the model capability has been verified against a proper set of experimental data including both uniaxial and circumferential loading conditions (Loree et al., 1994; Holzapfel et al., 2005) .
Loading and constraints
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A uniform and linearly increasing pressure was applied to the inner surface of the balloon to simulate the inflation process, followed by deflation (pressure decreased to zero linearly). The applied pressure is between 1.4~1.6MPa, depending on the radial stiffness of the stents as well as the deformability of the stent/artery systems. Specifically, 1.4MPa was used for Xience and Endeavor stents while 1.5MPa and 1.6MPa were used for Cypher and Palmaz-Schatz stents, respectively. Both inflation and deflation times were chosen to be 0.1 second. In all simulations, the ends of the balloon were fully constrained as is in the real situation (fixed onto catheter), and the ends of the blood vessel were also fixed to reflect the constraint from the human body environment.
Interactions between the balloon, the stent and the blood vessel were modelled as surface to surface hard contacts, with a frictional coefficient of 0.25 (Ju et al., 2008) .
Post-processing of results
Abaqus explicit has been used to carry out all the simulations, with controlled time increments (Abaqus, 2013). The time increment was on the order of 10 -8 s throughout the analysis.
The internal and kinetic energies have been monitored during the analyses, and the kinetic energy for whole the system was always less than 5% of the internal energy, which confirmed the validity of our quasi-static analyses. Also, Abaqus used enhanced hourglass control approach for the hyperelastic materials (i.e. artery, plaque and balloon), which provides resistance to hour glassing. For the stent, full integration elements were used and hour glassing was not encountered.
The coordinates of three nodes on the stent (i.e., one in the middle and two at the ends)
were particularly tracked and used to determine the dogboning and recoiling effects. The dogboning effect was calculated using the following equation: ,
where d e is the mean diameter at the ends of the stent and d m the diameter in the middle of the stent after deflation. The recoiling effect was calibrated from the tracked coordinates of the node in the middle of stent using the following equation:
,
where d 0 is the diameter in the middle of the stent at maximum pressure and d 1 is the diameter in the middle of the stent after deflation. Besides, the stresses for the whole system (both the stent and the artery/plaque) were also obtained to evaluate the mechanics of both stent and artery/plaque during the full process of stent deployment.
Validation of the modelling approach was carried out by comparing our simulations of Palmaz-Schatz stent expansion, including both free expansion and deployment in a stenotic artery, against those in Chua et al. (2003; . Good agreements were obtained for stent expansion and stress distributions, which confirmed the validity of the general method used in the present paper. Figure 3a shows the change of diameter against the pressure, applied inside the balloon, for Xience stent and the artery during the process of deployment inside a diseased artery.
Results and Discussion
Expansion behaviour of Xience stent
Expansion was shown to have three stages. At the initial stage (up to 0.8MPa), stent deforms elastically and has a lower rate of expansion. Beyond 0.8MPa pressure, plastic deformation occurs and stent seems to expand steadily, together with the artery, at a fairly constant rate (9mm/MPa). At a pressure of 1.1MPa, the rate of stent expansion starts to decrease drastically, indicating that the deformation of the stent/artery system seems to reach a saturation stage, i.e., further increase of pressure only results in very limited expansion. This is mainly due to the intrinsic deformation behaviour of the artery which reached a saturation stage of stretch at a pressure of 1.1MPa, especially the intima layer (see Fig.2b ). Consequently, the system becomes considerably resistant to further expansion, resulting in a drastic decrease of expansion rate. Overall, stent expanded from 1.5mm to 4.8mm at the maximum pressure (1.4MPa), with an increase in diameter by more than three fold. During deflation, recovered elastic deformation and radial pressure from the viscoelastic artery system lead to the recoil of the stent, but stabilised at 3.7mm
which is close to the diameter of a healthy artery. The achieved expansion was calculated to be 52% for the diseased artery. Recoiling and dogboning effects after deflation were calculated to be 22% and 17%, respectively (see Figure 5b for Co-Cr L605 stent). The development of both dogboning and recoiling effects is plotted in Figure 3b during the deflation process. It is noted that dogboning has a "negative" value at the end of inflation, which is due to the more severe expansion at the middle section of the stent.
This also led to much more severe stretch for middle part of the artery-plaque system. As a result, during deflation the severely stretched artery at the middle part has a stronger tendency to recover its hyperelastic deformation, which forced the stent to recoil more at the middle section, leading to the "dogboning" effect at the end of deflation process. The development of recoiling is a continuous process due to the elastic recovery of stretched artery-plaque systems (Figure 3b ).
Analyses were also carried out to simulate the stent expansion by multiple inflations of the balloon, which has been used in clinical practice to enhance the expansion of the stenotic artery. In our simulations, the whole process was split into six inflation-deflation (loading-unloading) steps, occurring at 65%, 70%, 75%, 80%, 85% and 100% of the total applied pressure, respectively. The monitored diameter change is plotted in Figure 4 , with a direct comparison against the single-step simulation. Our results suggested that the final diameter achieved is quite sensitive to the multiple inflation method, and the blocked artery achieved a larger diameter (4.2mm) than the single-inflation method (3.7mm) for a given pressure due to the enhanced plastic deformation associated with cyclic hardening.
Effect of materials on stent expansion
Three materials, Co-Cr L605, SS316L and Mg alloy AZ31, which are mainly used for stent fabrication, were considered to study the effect of materials on stent expansion.
Results showed that the material choice has an influence on the behaviour of expansion (Figure 5a ). Stents made of Mg alloy AZ31 and SS316L tend to experience higher deformation, compared to Co-Cr L605 stent, exhibiting less radial stiffness. Also, the dogboning and recoiling effects appear to be higher for stent made of stainless steel and Mg alloy (Figure 5b ). Figure 6 compares the von Mises stress distribution on the stent for the three materials following stent deployment. The stent has severe stress concentrations at the U-bends of the cell struts due to highly localised stretch. These are residual stresses which were developed due to the sustained plastic deformation. From the computed results, it appears that the material choice has an impact on the magnitudes of the maximum von Mises stress on the stent. Stent made of Mg alloy has a significantly lower value (~425MPa) than those made of Co-Cr L605 and SS316L (>700MPa). These results are in line with the stress-strain behaviour of the three materials, i.e. higher Young's modulus and stronger strain hardening for Co-Cr L605 alloy and SS316L (Figure 2a ). For Co-Cr L605 stent, the magnitude of residual stress was shown to be around 778MPa (see Figure   6 ), which is very significant and implies the potential risk of failure during stent employment. Consequently, optimal design of cell strut U-bends appears to be important for modern stents, which can lead to stress reduction and failure resistance. However, it should be noted that in reality, the stresses on the stents might not reach such high magnitude if the residual stresses developed during stent crimping (Möller et al., 2001; Kleinstreuer et al., 2008; Shankaran et al., 2012) are considered which shall mitigate the stresses developed during stent expansion.
Effect of coating on stent expansion
Fully coated Xience stent was simulated to study the influence of stent coating on stent expansion inside a stenotic artery. Figure 7a shows the diameter change during expansion process, in a comparison with that for uncoated one. The maximum diameter reached 4.8mm in both simulations, but the coated stent recoiled slightly less (20.6% against 21.8%) due to the coating constraint (Figure 7b ). However, the dogboning is slightly higher for coated stent (19.5%) compared to bare metal one (17.7%), as shown in Figure   7b . Results suggest that drug eluting coatings has little effect on stent expansion (i.e. radial stiffness), but reduces recoil effect and increase dogboning effect slightly. For both cases, the maximum von Mises stress was located at the U-bends of the cell struts, as shown in Figure 8 . The coated stent had a higher residual stress level (793.6MPa) compared to the bare metal stent (778.4MPa). The increase of stress level on the coated stent is due to property mismatch between the stent and the coating, which generally leads to delamination as observed in experiments, particularly in the U-bend regions (Hopkins et al., 2010) .
The work of Gu et al. (2005) showed that the required deployment pressure increases almost linearly with the thickness of coating. For a 0.1mm thick coating, the coated stent needed an appreciatively 30% higher pressure to expand the artery to the same extent as its bare metal version. But it should be noted that, in their simulations, the coating thickness (varying between 0.08mm~0.15mm) is comparable to, and even larger than, the thickness of strut (only 0.1mm). In our work, the coating thickness (8m) is only 10% of the strut thickness (80m) for the commercial Xience stent. Consequently, no significant effect of coating on stent expansion was observed in our computational simulations due to the relatively thin coating layer. To study the effects of coating thickness and modulus on stent expansion, simulations have been carried out for a tworing stent model (to save computing time), with varying coating thickness (8m~12m) and modulus (two and five times the value used above). The effects on stent expansion and recoiling were found negligible for the ranges of coating thickness and modulus considered. Further work is ongoing to simulate the whole stent model with wider ranges of coating thickness and modulus. Figure 9a shows the change of diameter against the pressure, applied inside the balloon, for four stents, e.g. Palmaz-Schatz, Cypher, Xience and Endeavour, during expansion inside a diseased artery. Xience and Endeavor stents had similar expansion behaviour with a maximum diameter of 4.8mm achieved at 1.4MPa pressure. They were also easier to expand due to the open cell designs. While Palmaz-Schatz and Cypher stents, which have closed cell design, required higher pressure to expand to the same extent as Xience and Endeavor. For instance, the pressure required to reach a 4-mm expansion is 1.2, 1.3, 1.4 and 1.6 for Endeavor, Xience, Cypher and Palmaz-Schatz, respectively. This suggests that the diameter change is mainly controlled by the radial stiffness of the stent which is closely associated with the stent design.
Comparative study of four stents -effect of designs on stent expansion
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The diameter change during balloon deflation (Figure 9a ) appeared to be distinctly different for the four stents. This is also clearly reflected in the recoiling and dogboning effects as shown in Figure 9b . Palmaz-Schatz has the least percentage of recoiling (1.6%), followed by Cypher (5%), Xience (21.8%) and Endeavor (31.1%). For dogboning, Endeavor showed the most severe effect (36.8%) due to the high level of recoiling.
Palmatz-Schatz also has a high level of dogboning (22.4%) which is mostly developed during the inflation process as the recoiling effect is very little. Cypher and Xience exhibit less dogboning effect (10.4% and 17.7%, respectively), with mechanisms similar to those for Palmatz-Schatz and Endeavor. Figure 10 gives the von Mises stress distribution after deflation. Again, all four stents showed severe stress concentrations at the corners or U-bends of struts, indicting the importance of U-bend design in stents. These are also the residual stresses developed during the deployment process. The peak stress level seems to be close to or even higher than the ultimate tensile strength (UTS) of the materials. Consider that the UTS is ~1012MPa for Co-Cr alloys and ~606MPa for stainless steel, Xience and Endeavor stents, with stresses less than UTS, seem to have a lower risk of fracture during the expansion whilst the Palmaz-Schatz and Cypher exhibit a higher risk of failure as the stress magnitudes exceeded their respective UTS values. It also appears that stents designed with enhanced flexibility (e.g. Cypher and Endeavour) exhibit lower stress levels than those designed with increased rigidity (e.g. Palmaz-Schatz and Xience). Again, material is another factor that affects the stresses on stents. For designs with similar flexibility/rigidity (e.g. Palmaz-Schatz and Xience), stents made of stainless steel tend to have relatively low stress levels due to its lower yield stress and weaker strain hardening when compared to those made of Co-Cr alloy, which agrees with the results in Section 3.2. As mentioned in Section 3.1, our simulation did not consider the residual stress developed during stent crimping, which might be the rational for the unrealistically high stress levels obtained in our work. Further study is ongoing to investigate this aspect thoroughly.
Stresses on the plaque-artery system
From our simulation, at the peak inflation pressure, the maximum von Mises stresses on the plaque-artery system were located in the intima layer of the artery with a magnitude of 6.3~11.5MPa, due to the relatively high stiffness of the intima layer (Figure 2b ) as well as the severe constraint on the intima layer imposed by surrounding tissues (Figure 1 ).
After deflation, the maximum stress shifted to the plaque, especially at locations where the stent and the plaque are in full contact. Contour plots of the von Mises stresses on the plaque/artery after deflation are shown in Figures 11~13 for all simulations performed in this paper. As shown in Figure 11 , the magnitude is around 0.58MPa for arteries expanded by Co-Cr Xience stent, and reduced to 0.36MPa (by ~40%) and 0.29MPa (by ~50%) respectively, when the stent material is changed to stainless steel and Mg alloy, indicating a considerable influence of stent materials. As discussed earlier, stainless steel and Mg alloy have relatively low yield stress and weak strain hardening which soothed the mechanical interaction at the contact locations between stent and artery, and hence reduced the stress level on the artery. This reduction is also associated with the stronger recoiling effect for stainless steel and Mg alloy stents, which further relaxed the stresses on the plaque. The coating layer, which is relatively thin, seems to increase the stress on the plaque only slightly (Figure 12 ).
Stresses on the artery/plaque inflated by the four types of stent were compared against each other in Figure 13 , which showed distinctly different behaviour in terms of both distribution and magnitude. In most cases, the stress concentration tends to occur on the plaque due to the direct contact of the plaque with the expanded stent. For the artery under severe stretch (e.g. Palmaz-Schatz stent), a significant amount of stress was still carried by the intima layer of the artery due to the less recovered deformation or stretch.
Also the latest generation of stents (e.g. Xience and Endeavor) tend to cause less stresses on the plaque/artery than the earlier generation of stents (e. Closed-cell designs increased the radial stiffness of stents and introduced strong interaction between stent and artery-plaque during stent deployment, leading to higher stress levels. This indicates the importance of stent designs in reducing the stresses on the artery/plaque system caused by stenting.
Recent investigations suggest that arterial wall biomechanics plays a key role in in-stent restenosis (Haga et al., 2007; Gu et al., 2010; Zhao et al., 2012) . The altered solid mechanical environment following stent deployment governs the inflammatory and remodelling response of blood vessels. For instance, Timmins et al. (2011) quantified both the solid biomechanical environment and in-vivo porcine arterial response of two stent designs which impose considerably different mechanical stresses and strains on the arterial wall. Stents that induce higher nonphysiologic stresses provoke a more aggressive pathobiological response of the artery wall, resulting in a higher degree of neointimal hyperplasia. In-vitro study results have also demonstrated that mechanical stresses regulate the proliferation, apoptosis and migration of vascular cells (Haga et al., 2007) , and the synthesis, degradation and reorganization of extra cellular matrix (Chung et al., 2002; Haga et al., 2007) . The current study showed that the mechanical stress (0.3~4.6MPa for an applied balloon pressure of 1.4~1.6MPa) on the vessel wall generated by stent implantation is significantly higher than the wall shear stress (1~2Pa only, as reported by Haga et al., (2007) ) generated by blood flow, and will contribute to the development of in-stent restenosis considerably. In addition, the current work also proved that the stresses in the vessel wall are highly dependent on the stent design and material choice (Fig.11 and Fig. 13 ). The level of artery stresses can be controlled through optimal stent design as well as material selection, which has significant implications in preventing the occurrence of in-stent restenosis.
Effect of plaque composition
The stenotic plaque can be modelled as hypocellular, cellular or calcified plaque depending on its composition. To study the effect of plaque composition, simulations have also been carried out for calcified plaque (cellular plaque is expected to have the behaviour in between hypocellular and calcified plaques). The calcified plaque was modelled using the Ogden model, consistent with that used for the hypocellular plaque.
The model parameters given in Table 4 were fitted against the test data in Loree et al. (1994) and Pericevic et al. (2009) . The stress-strain behaviour for calcified and hypocellular plaques is compared in Figure 14 , showing that calcified plaque is more resistant to stretch than hypocellular plaque. The simulations were carried out for all four stent designs using exactly the same loading and boundary conditions given in Section 2.
As shown in Figure 15 , the calcified plaque affects the deployment by reducing the stent expansion considerably for all stent designs, with a final diameter between 3.0mm and 3.3mm only which is significantly lower than that for hypocellular plaque (Fig.9a) . The reason is that the calcified plaque is much stiffer than the hypocellular plaque (Fig.14) , which prohibited the effective expansion of the stent-artery system. The von Mises stresses on the stents were found to be similar in all cases, in terms of both distribution and magnitude. However, the maximum von Mises stress on the calcified plaque is always higher than that on the hypocellular plaque as compared in Figure 16 , with stress concentration observed towards the ends of the calcified plaque where the stent and the plaque are in strong contact caused by the dogboning effect.
These results indicate that stent deployment also strongly depends on the composition of the stenotic plaque. Stent expansion simulated using a calcified plaque model tends to reach a saturation stage far earlier than that using a hypocellular plaque model (Fig.15) .
The finally achieved expansion for calcified plaque model is significantly lower than that for hypocellular plaque model, which is true for all four stent designs. However, the stresses in the artery-plaque system suggest that Xience and Endeavor stents with open cell design are less likely to cause plaque rupture, regardless of the plaque composition, due to the lower stress levels on the plaque when compared to Cypher and PalmazSchatz stents with closed cell design.
Limitations of the current work
As shown in Liu et al. (2007) , the artery deformation, subjected to internal pressure, is considerably less in the presence of surrounding tissues when compared to the untethered case. This indicates the importance of considering surrounding medium in modelling of stent deployment, which however has often been neglected by modellers.
This is also one of the limitations of this study. The interaction of the artery with its surrounding medium can be modelled explicitly by including the neighbouring tissues in the finite element model or by representing the tissues as spring-dashpot system attached to the arterial wall with the proper viscoelastic properties. We plan to take this into account in our future studies of the stent-artery system. According to published work (Liu et al., 2007; Kim et al., 2013) , neglecting of surrounding tissues will make the artery less stiff and easier to deform, consequently leading to increased expansion during 20 balloon inflation and reduced recoiling during deflation. To quantify such effect, a significant amount of new work needs to be carried out which is beyond the scope of the current paper. For the current work, the main objective was to understand the effect of different design, material choice and stent coating on the mechanical behaviour of stents during deployment. As long as the consistent environment was used, the generic conclusions should remain valid.
The artery considered in this study refers to a branch of coronary artery, such as left anterior descending, circumflex or left main coronary arteries. The length of those branches is usually no more than 20mm (which is also the length used in this study), and it reduces even to 5-10mm when diseased (Gazetopoulos et al., 1976a; . Consequently, the length of artery in our model was chosen to be comparable to that of coronary artery branch, and the branch was assumed to be fully constrained by neighbouring branches.
To further understand the effect of the assumed constraint, simulation has been performed for an artery free of constraint. The results showed that boundary conditions impose little effect on the stent deformation during expansion stage, but affect the recoil effect and the final diameter. For artery free of constraint, reduced recoil (by 8%) and increased final expansion (by 11%) were obtained when compared to the fully constrained case. Furthermore, simulation has also been conducted for a longer artery (40mm, double the length used in the current work) which has the same constraints as that in the main study (i.e. fully constrained at the artery ends). The results showed a reduction of recoiling effect by about 6% and an increase of final expansion by 8%, while the dogboning effect remained almost the same. From these studies, it is noted that different boundary conditions and artery lengths affect the simulation results. In this paper, the use of a short artery and fully constrained condition tends to generate amplified recoiling effect and underestimated final expansion. Again, as we aim to 21 understand the effects of different design, material choice and stent coating on the mechanical behaviour of stents during deployment, the generic conclusions remain valid so long as the same condition was used throughout.
Conclusions
Effects of material choice and drug eluting coating on the expansion behaviour of stents have been studied based on finite element simulations of the full process of stent deployment inside a stenotic artery. At a given deployment pressure, more severe deformation, stronger dogboning/recoiling effects and considerably reduced residual stresses were observed for stents made of metallic materials with lower yield stress and weaker strain hardening Drug eluting coatings have limited effect on stent expansion as reflected by comparable diameter change, recoil/dogboning effects and residual stresses between coated and bare metal stents.
Comparative study of Palmaz-Schatz, Cypher, Xience and Endeavor stents confirmed that stent design is one of the major factors that control stent expansion.
In particular, open-cell design (e.g. Endeavor) tends to expand more easily than closed-cell design (e.g.
Cypher), but with higher recoiling effect. Dogboning effect can be reduced considerably for designs strengthened with longitudinal connective struts (e.g. Xience and Cypher).
For all four stents, the maximum von Mises stresses appear to locate consistently at the U-bends of stent cell struts, with magnitudes depending on the materials and severity of plastic deformation.
The distribution and magnitude of stresses on the artery-plaque system appear to be largely influenced by the stent materials and designs. Closed-cell designs increase the radial stiffness of stents, and hence introduce strong interaction between stent and artery 22 during stent deployment, leading to higher stress levels on the artery. While stents made of materials with low yield stress and weak strain hardening soothed the mechanical interaction between stent and artery, leading to stress reduction on the plaque.
Stent deployment also strongly depends on the composition of the stenotic plaque. The finally achieved expansion for calcified plaque is considerably lower than that for hypocellular plaque, which is the case for all four types of stent designs. In addition, the stresses in the plaque-artery system imply that stents with open cell design are less likely to cause plaque rupture, regardless of the plaque composition, due to the lower stress level on the plaque when compared to stents with closed cell design. 30 Table Captions   Table 1 , Bilinear properties for the phosphorylcholine (PC) polymer coating (Hopkins et al., 2010) . Table 2 , Coefficients of the Mooney-Rivlin model used to describe the behaviour of the polyurethane balloon (Chua et al., 2004) . Table 3 , Coefficients of the Ogden model used to describe the material behaviour of the three vessel wall layers and the hypocellular stenotic plaque (Zahedmanesh and Lally, 2009 ). Table 2 , Coefficients of the Mooney-Rivlin model used to describe the behaviour of the polyurethane balloon (Chua et al., 2004) . 
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